Nanoscale drug delivery platforms have been developed over the past four decades that have shown promising clinical results in several types of cancer and inflammatory disorders. These nanocarriers carrying therapeutic payloads are maximizing the therapeutic outcomes while minimizing adverse effects. Yet one of the major challenges facing drug developers is the dilemma of premature versus on-demand drug release, which influences the therapeutic regiment, efficacy and potential toxicity. Herein, we report on redox-sensitive polymer-drug conjugate micelles for on-demand intracellular delivery of a model active agent, curcumin. Biodegradable methoxy poly(ethylene glycol)-poly(lactic acid) copolymer (mPEG-PLA) was conjugated with curcumin via a disulfide bond or ester bond (control), respectively. The selfassembled redox-sensitive micelles exhibited a hydrodynamic size of 115.6 ± 5.9 (nm) with a zeta potential of −10.6 ± 0.7 (mV). The critical micelle concentration was determined at 6.7 ± 0.4 (μg mL −1 ). Under sink conditions with a mimicked redox environment (10 mM dithiothreitol), the extent of curcumin release at 48 h from disulfide bond-linked micelles was nearly three times higher compared to the control micelles. Such rapid release led to a lower half maximal inhibitory concentration (IC 50 ) in HeLa cells at 18.5 ± 1.4 (μg mL −1 ), whereas the IC 50 of control micelles was 41.0 ± 2.4 (μg mL −1 ). The cellular uptake study also revealed higher fluorescence intensity for redox-sensitive micelles. In conclusion, the redox-sensitive polymeric conjugate micelles could enhance curcumin delivery while avoiding premature release, and achieving on-demand release under the high glutathione concentration in the cell cytoplasm. This strategy opens new avenues for on-demand drug release of nanoscale intracellular delivery platforms that ultimately might be translated into pre-clinical and future clinical practice.
Introduction
Nanoscale particulate anti-tumor drug delivery systems have been extensively studied over the past few decades, and have shown promising features such as superior capability to deliver therapeutic payloads, reduce adverse effects, and improve therapeutic efficacy [1] [2] [3] . In addition, nanoparticlebased strategies improve solubilization of hydrophobic drugs and extend blood circulation, which could benefit passive tumor tissue targeting and active cellular targeting; they have also been effective in combinational co-delivery of multiple active agents, active in reversing cancer multidrug resistance, and capable of combining imaging with therapeutics (i.e. theranostic systems) [4] [5] [6] [7] [8] [9] [10] [11] [12] . In spite of these distinct advantages, one of the dilemmas that needs to be addressed in drug delivery systems for therapeutic intervention in cancer is the issue of premature versus on-demand drug release [13] .
Premature drug release is a phenomenon wherein a significant amount of active agent is released during systemic circulation prior to reaching the target site, since the human blood maintains a perfect sink condition. This is particularly manifest for the situation where the drug was physically (noncovalently) associated with the nanoparticles and both exhibited poor affinity to a potential target site. On-demand drug release could be ideal for therapeutics since the drug is secured in nanoparticles and not liberated until getting to the target site. Avoiding premature release necessitates the entrapment of drug within nanoparticles, or the covalent attachment of a given drug to a nanoparticle. However, such strategies could also introduce other hurdles such as poor drug release, which would result in low intracellular drug concentration, and thus delay the onset of the pharmacological action [14, 15] .
Tailored design of stimuli-responsive nanoparticles offers an efficient solution to address the challenge of premature versus on-demand drug release [16] . The advances of material science and nanoparticle fabrication technology make such smart design possible via the utilization of various triggers, e.g. ultrasound, temperature, magnetic field, light, enzyme, pH, and redox potential [17] . Among these, the employment of redox potential to initiate on-demand drug release shows great promise to address the challenge mentioned above, because the glutathione (GSH) concentration in the cytoplasm (mM) is almost three orders higher compared to that in the systemic circulation (μM) [18] . Although many redoxresponsive nanoparticles have been previously reported, to the best of our knowledge, their role in addressing premature drug release has not been investigated.
The aim of this study was to generate and assess polymer-drug conjugate micellar nanoparticles in vitro to realize redox-triggered intracellular drug delivery without premature dose reduction. Amphiphilic polymer-drug conjugate is used simply because premature drug release is presumed to be absent due to the covalent linking between the drug and the polymer, and in addition, the conjugate can self-assemble into nanoparticles in aqueous media [15] . A pleiotropic anticancer compound, curcumin, was selected as the active agent. Biodegradable methoxy poly(ethylene glycol)-poly(lactic acid) (mPEG-PLA) copolymer was utilized as the amphiphilic polymer that was connected to the model drug via a disulphide bond.
Experimental

Materials
Curcumin, ethanol, dimethylformamide (DMF), dichloromethane (DCM), 1,2-dichloroethane, pyridine, anhydrous sodium sulphate, citric acid, disodium hydrogen phosphate, sodium hydroxide, and sodium dodecyl sulphate (SDS) were purchased from the Institute of Guangfu Fine Chemical Research (Tianjin, China). Methanol and tetrahydrofuran (THF) were obtained from Concord (Tianjin, China). Oxalyl chloride and 3,3′-dithiodipropionic acid were from Sahn Chemicals (Shanghai, China). Pyrene, 4-dimethylaminopyridine, N,N′-dicyclohexylcarbodiimide (DCC), stannous octoate, 4-dimethylaminopyridine (DMAP) and glutaric anhydride were sourced from Jingchun Reagents (Shanghai, China). N-(3-Dimethylaminopropyl)-N′-ethylcarbodiimide 
Synthesis of curcumin derivatives
Mono-carboxyl-terminated curcumin (Cur-COOH) was synthesized based on a previously published method [15] . Disulfide bond-containing mono-carboxyl-terminated curcumin (Cur-SS-COOH) was generated as detailed (scheme 1). 3,3′-dithiodipropionic acid (0.2103 g, 1 mmol) and 40 μL DMF were mixed in 10 mL anhydrous THF maintained at 0°C. Oxalyl chloride (105 μL, 1.2 mmol) was then dropwise added to the above solution. The mixture was kept at ambient temperature (25°C) for 3 h ready for further use. Curcumin (0.3684 g, 1 mmol) and pyridine (806 μL, 10 mmol) were codissolved in 10 mL THF, which was followed by the slow supplementation of the above solution with light protection. After 5 h, THF was removed and the residue was dissolved in 30 mL DCM. The obtained solution was washed by a 30 mL hydrochloride solution (0.1 mM) in triplicate. The organic phase was then collected, followed by DCM removal. The attained crude product was dissolved in 4 mL DCM and purified by silica gel column chromatography, eluted by a mixture of DCM and methanol (100:1, v/v) containing 1% (v/v) acetic acid. The final product Cur-SS-COOH was collected (yield: 58.4%). 1 
Synthesis of polymeric conjugate
The generation of amphiphilic mPEG-PLA copolymer and ester bond-linked polymer-curcumin conjugate (i.e. mPEG-PLA-Cur) employed a previously published method [15] . Disulfide-containing polymeric conjugate (i.e. mPEG-PLA-SS-Cur) was produced as follows (scheme 1). Cur-SS-COOH (0.1268 g, 0.2264 mmol), mPEG-PLA (0.8895 g, 0.2516 mmol), EDC·HCl (0.0434 g, 0.2264 mmol), and DMAP (0.0277 g, 0.2264 mmol) were co-dissolved in 10 mL DMF and the reaction was maintained at ambient temperature under the nitrogen atmosphere with light protection. After 24 h, the crude product was purified by repeated precipitation in ice-cold diethyl ether, filtration and vacuum-drying to get the purified mPEG-PLA-SS-Cur (yield: 72.3%). 1 
Molecular weight determination
The molecular weight and molecular weight distribution of both mPEG-PLA-Cur and mPEG-PLA-SS-Cur conjugates were determined by gel permeation chromatography (Malvern Viscotek TDA 305). THF was used as the eluent as well as the solvent to dissolve both samples at a concentration of 5 mg mL
. The elution rate was 1 mL min −1 at 25°C with polystyrene as the calibration standard.
Micelle preparation
The polymeric conjugate micelles were prepared by a typical dialysis method [15] . In brief, mPEG-PLA-Cur or mPEG-PLA-SS-Cur solution in THF (0.1 g mL −1 , 10 mL) was sealed in a dialysis bag with a molecular weight cut-off (MWCO) of 2000 Da. The solution was dialyzed against cold water (4°C, pH 7.0) with light protection. After 24 h, the solution inside the dialysis bag was purified by passing through a 0.45 μm filter, followed by freeze-drying until ready for use.
Particle size and zeta potential analysis
The hydrodynamic size and zeta potential of both types of conjugate micelles were determined in phosphate buffer at pH 7.4 (1 mg mL −1 ) using a Malvern Zetasizer Nano ZS instrument. The measurements were performed at 25°C in triplicate. The micelle size and morphology was also analyzed by transmission electron microscope (TEM) (JEOL, JEM-100 CXII). The sample solution (1 mg mL −1 , 20 μL) was placed onto collodion-coated copper grids and air-dried prior to image acquisition.
Micelle stability evaluation
The evaluation of conjugate micelle stability utilized the critical micelle concentration (CMC) as an index. The determination of CMC was based on a typical luminescence spectroscopy approach with pyrene as the probe [15] . In detail, a fixed amount of pyrene (0.5 μM) was added to the aqueous solution of both types of conjugate micelles with the concentration ranging from 0.4 to 400 (μg mL −1 ). After a 12 h incubation, the emission spectra of micelles was documented (350-450 nm) and the excitation wavelength was set at 333 nm with a spectral slit width of 5 nm. A Fluorolog®3-21 spectrofluorometer (HORIBA JobinYvon) was used for the analysis, which was carried out in triplicate. The ratio of sample band intensity at 384 nm and 373 nm was drawn against the logarithm of the micelles' concentration and the flexion point of the curve gave the CMC value.
Drug release study
The curcumin loading in conjugate micelles was calculated based on the 1 H NMR analysis. The determination of both the drug and copolymer content utilized the methoxyl group of PEG as the reference. The in vitro drug release experiments were carried out in the static vertical Franz-type diffusion cells (ca. 17 mL) at 37°C. The donor phase and receiver fluid were separated by a cellulose membrane (MWCO: 2000 Da). The receiver fluid was phosphate buffer (pH 7.4) containing and 5% (w/v) SDS to maintain the sink conditions. Dithiothreitol (DTT) (10 mM) was also present in the receiver fluid to mimic the redox environment in the cytoplasm. The donor phase was filled up with micellar solutions. At pre-determined time points (0.5-48 h), the ca. 0.5 mL receiver fluid was withdrawn from the sampling arm and the same volume of fresh fluid was supplemented. The drug content was analyzed by high performance liquid chromatography (HPLC) coupled with a UV detector based on a previously published method. For the mPEG-PLA-Cur micelles, the released drug was parent curcumin and the UV wavelength was 419 nm. However, the released compound from mPEG-PLA-SS-Cur micelles was the thiol-ended curcumin derivative, Cur-SH, whose detection wavelength was set at 417 nm. The cumulative released drug was plotted against the time needed to get the release profile. A mass balance study at the end of experiment (48 h) was also performed to obtain the total drug recovery (n = 3).
Cell viability assay
HeLa cells were maintained in DMEM medium containing 10% fetal bovine serum and 100 kU L −1 penicillin-streptomycin in an atmosphere of 5% CO 2 at 37°C. The cells were seeded in 96-well multiplates at a density of 5 × 10 3 per well. After a 24 h incubation period, the cells were exposed to three samples (mPEG-PLA-SS-Cur, mPEG-PLA-Cur, and free curcumin) at different concentrations (5-100 μg mL −1 ) for 24 h, respectively. Both micelle samples were transferred by the culture medium, whereas free curcumin was dissolved in PEG 400. Then the CCK-8 reagent was added which was followed by another 30 min incubation period; the cell viability was measured by the absorbance of formazan dye at 459 nm (n = 6). The IC50 was calculated using the Origin software package (OriginLab, Northsampton, MA, USA).
Cellular uptake
Free curcumin was solubilized in PEG 400 at a concentration of 100 μg mL −1 ; both micelle samples were dispersed in the DMEM medium with an equivalent drug concentration to the free curcumin control. HeLa cells are seeded in the 35-mm cell culture plates at a density of 1 × 10 4 cells/well in 1 mL culturing medium at the conditions of 5% CO 2 and 37°C. After 24 h adherent culture, the medium was removed and the cells were washed with PBS (0.5 mL) twice, followed by the supplement of fresh medium (200 μL) and sample solution (200 μL). After a predetermined time course (2 h, 6 h, or 12 h), the curcumin-containing medium was discarded. The cells were washed with PBS (1 mL) in triplicate, and then fixed with paraformaldehyde for 20 min, followed by the PBS washing and nuclear staining with DAPI (20 μL, 1 μg mL −1 ) for 15 min. Then the cells were washed again with PBS, supplemented with 1 mL fresh DMEM medium, and imaged by confocal laser scanning microscope (CLSM) (LSM 710, Zeiss, Germany).
Statistical analysis
Data were presented as mean ± standard deviation (SD), and analyzed using a t-test. A statistically significant difference was considered if a p-value was found less than 0.05.
Results and discussion
To successfully generate redox-liable polymeric conjugate micelles, it is mandatory to introduce a disulfide bond between the drug and the polymer. In the current study, a linker molecule, 3,3′-dithiodipropionic acid, was brought in connecting with the phenolic hydroxyl group of curcumin, which led to the formation of disulphide-containing curcumin derivative, Cur-SS-COOH (figure 1). Then the mPEG-PLA copolymer was covalently bond with the derivative via an ester bond that resulted in the target conjugate, mPEG-PLA-SS-Cur (figure 2). The conjugate without disulphide, mPEG-PLA-Cur, was also produced as the control [15] . Essentially, the strategy of combining the linker with the drug prior to coupling it with the polymer is superior to the reverse strategy that modifies the polymer with the linker, and then with the curcumin. This is basically because the polymer is characterized by a non-uniform molecular weight and the purification of polymer-linker out of the parent polymer via precipitation or column elution is often difficult since both exhibit similar physicochemical properties [19] . Nevertheless, Chemical shift (δ, ppm)
1 H NMR spectrum of curcumin derivative (Cur-SS-COOH) in CDCl 3 . SS and Cur represents disulfide bond, and curcumin, respectively. the curcumin-linker molecule (i.e. Cur-SS-COOH) is much easier to purify from the parent drug.
With the aid of gel permeation chromatography (GPC), the molecular weight (M n ) of mPEG-PLA-SS-Cur and mPEG-PLA-Cur was determined at 5619 Da and 4511 Da, respectively (figure 3). The polydispersity index (PDI) of both conjugates was below 1.1, which is much lower than the threshold value (1.5) of a broad molecular weight distribution [20] . This indicated that the molecular weights of both polymer-curcumin conjugates were narrowly distributed. The end group analysis via 1 H NMR revealed the molecular weight (M n ) of mPEG-PLA-SS-Cur and mPEG-PLA-Cur was 4231 Da and 4151 Da, respectively. Such discrepancy between GPC and 1 H NMR determination was a consequence of the strong dependence of conjugate M n on its architecture as well as the calibrant in terms of GPC analysis. From this point of view, 1 H NMR is valuable, but it cannot give the information of weight-average molecular weight. Therefore, the combination of both techniques would display more reliable molecular weight data of polymer-drug conjugates.
The redox-responsive mPEG-PLA-SS-Cur conjugate as well as the control could capably self-assemble into micellar nanoparticles. The surface charge analysis showed that both samples exhibited a negative zeta potential at −10.6 ± 0.7 mV (mPEG-PLA-SS-Cur) and −8.2 ± 0.6 mV (mPEG-PLA-Cur). The hydrodynamic size of the redox-liable sample determined by DLS was 115.6 ± 5.9 nm that was slightly larger than the control at 102.9 ± 2.5 nm (p < 0.05). This trend is consistent in the TEM analysis ( figure 4) . The DLS analysis also generated a polydispersity index (PDI) of 0.26 ± 0.02 (control) and 0.20 ± 0.01(mPEG-PLA-SS-Cur). TEM analysis revealed that the mean core size of mPEG-PLA-SS-Cur was 94.1 ± 7.4 nm in contrast to the mPEG-PLA-Cur control at 83.9 ± 9.9 nm (p < 0.05). As expected, the TEM size is smaller than the corresponding hydrodynamic (DLS) diameter for both samples. These sizes would help the conjugate micelles utilize the passive tissue targeting via enhanced permeability and retention effect upon in vivo administration [21, 22] . In addition, it is also feasible to finely tune the ratio of hydrophilic and hydrophobic block of the copolymer, as well as the whole molecular weight, to optimize the particle size and manipulate delivery efficiency.
The micelle stability was assessed using the CMC as an index (figure 5). The CMC determined via fluorescence methods was 6.7 ± 0.4 μg mL −1 (redox-liable micelle) and 7.1 ± 0.9 μg mL −1 (control), respectively. The corresponding molar concentration was 1.6 ± 0.1 μM (mPEG-PLA-SS-Cur) and 1.7 ± 0.2 μM (mPEG-PLA-Cur) using the M n obtained by 1 H NMR For both units, there was no significant difference between two samples (p > 0.05). It was previously reported that mPEG-PLA with similar M n and block ratio showed a CMC value of 27.4 ± 0.8 μg mL −1 [15] . Since the impelling force of micelle formation is the decrease of free energy in the aqueous medium, upon conjugate assembly, the hydrophobic block moves towards the micelle core and the hydrophilic mPEG block is exposed to the water forming a stabilization shell [23] . In the current study, the hydrophobic curcumin (log P = 3.2) was linked to the hydrophobic PLA block, which would facilitate the conjugate self-assembly. This resulted in a dramatic CMC reduction for both conjugate micelles in comparison to mPEG-PLA micelles, and hence the significantly enhanced stability of conjugate micelles. Such a feature is beneficial to maintain the micelle integrity under in vivo situations, which is critical for an efficient delivery system [24] .
A full ultraviolet (UV) scan showed that both conjugates exhibit a considerable peak shift compared to curcumin (data not shown). Hence it is not feasible to quantify the drug loading of conjugate samples using the typical UV/HPLC methods. As an alternative, the 1 H NMR analysis showed a drug loading of 8.2% (w/w) (mPEG-PLA-SS-Cur) and 5.8% The CMC data were presented as mean ± standard deviation at both weight and molar concentration of the conjugate (n = 3).
(w/w) (mPEG-PLA-Cur). The drug release test was performed under sink conditions using a previously published method with minor modification [25] . The presence of DTT in the receiver fluid is to mimic the role of glutathione (GSH) in the cells. DTT usually broke down the disulfide bond more efficiently than GSH and had been widely used to test the redox-sensitive systems in vitro [26, 27] . The drug release rate and extent from disulfide-containing mPEG-PLA-SS-Cur conjugate micelles was much higher compared to the control (mPEG-PLA-Cur) (figure 6). At 48 h, only 16 ± 4% of curcumin was released via hydrolysis from the mPEG-PLA-Cur control, whereas the drug amount released from redoxresponsive conjugate (mPEG-PLA-SS-Cur) reached 16 ± 4%. The thiol-disulfide exchange reaction by which DTT takes the action is considered faster than the enzymolysis process. This concurred well with previous work on redox-responsive and esterase-sensitive polymeric micelles [15, 28] . At the end of therelease experiment, the mass balance study showed a drug recovery of 84 ± 4% (mPEG-PLA-SS-Cur) and 81 ± 2% (control), respectively. The mass balance results also agreed well with a previous investigation using a similar testing system [19] .
The dose-responsive cell viability gave an indication of the cytotoxicity profile of both conjugate micelles ( figure 7) . The IC 50 of mPEG-PLA-SS-Cur micelles was 18.5 ± 1.4 (μg mL −1 ), which corresponded to a molar concentration of 4.4 ± 0.3 (μM). In contrast, the IC 50 of control micelles (mPEG-PLA-Cur micelles) was 41.0 ± 2.4 (μg mL −1 ) or 9.9 ± 0.6 (μM). The IC 50 of free curcumin was 13.2 ± 1.7 (μg mL −1 ) or 35.9 ± 4.6 (μM). The redox-sensitive conjugate micelles displayed significantly higher cytotoxicity than did the control micelles (p < 0.05). This result correlated well with the drug release profile (figure 6). It was presumed that rapid drug release was vital to achieve a higher cytotoxicity, which was also observed in previous work that designed pH-responsive conjugate micelles [19] . Indeed, the cytotoxicity results agreed well with the drug release data.
The cellular internalization of the conjugate micelles as well as curcumin by HeLa cells were assessed by confocal microscopy ( figure 8) . Curcumin, its derivative, and polymercurcumin all show inherent fluorescence [15, 19] , and hence it is not necessary to label the conjugate micelles with additional fluorescent dyes. In addition, the presence of fluorescent labeling molecules might influence the nanoparticle properties [29] . Irrespective of the image acquisition time, the redox-liable mPEG-PLA-SS-Cur exhibited stronger green fluorescence than the control micelle. DAPI (blue fluorescence) was used to stain the nuclei of the HeLa cells. The colocalization images showed that both conjugate micelles mainly accumulated in the cytoplasmic compartment without substantial nuclear entry. Such a phenomenon was also seen in a previous report of curcumin-loaded nanoparticles [30] . However, for the curcumin control there was considerable amount of drug staining within the nuclei, which was also reported previously [15] . Nanoparticles are usually internalized via complicated mechanisms such as caveolae-mediated endocytosis, clathrin-mediated endocytosis, and macropinocytosis. Since there was no substantial difference between the redox-liable conjugate micelle and the control micelle in terms of physicochemical property e.g. size, surface charge, shape and rigidity, the cellular uptake efficiency of both samples via endocytosis was presumed similar. The higher fluorescence intensity of mPEG-PLA-SS-cur compared with the control is most likely due to higher drug loading in the tested system. Assuming the same amount of micelles were internalized, the redox-sensitive one would have carried more curcumin and hence displayed higher fluorescence. Compared to the free curcumin (control) that was distributed both in the cytoplasm and nucleus, the conjugate micelle-loaded curcumin primarily resided in the Figure 6 . In vitro curcumin release profile from two types of polymeric conjugate micelles (mPEG-PLA-Cur and mPEG-PLA-SSCur) at 37°C and pH 7.4 (n = 3). The release study was carried out under sink conditions with 10 mM dithiothreitol to mimic the reduction environment inside the cells. The drug was linked to the polymer via ester (mPEG-PLA-Cur) and disulfide (mPEG-PLA-SSCur) bond, respectively. cytoplasmic compartment. Despite the different cellular uptake mechanism, this phenomenon might be partly due to the inefficiency of endosomal escape for conjuge micelles. Upon endocytosis, the micelles have to get out of the acidic endosomes/lysosomes prior to distribution in the subcellular organelles [31] . The lack of such capability would delay or affect the curucmin's nuclear entry, as observed in the current study as well as in previous work [15, 32] .
Conclusions
Redox-responsive polymer-curcumin conjugate micelles are reported to address the challenge of premature versus ondemand drug release. Such a strategy could extend to other active agents and amphiphilic polymers with reactive conjugation sites (e.g. -NH 2 , -COOH, -OH). Usually a disulphide-containing linker is required to endow the nanoparticle with redox sensitivity. However, certain drugs might not have such active sites for conjugation and this strategy might not be applicable for all drugs. For some hydrophilic drugs, their presence might deteriorate the stability of the conjugate micelles. In addition, other factors such as endosomal escape are often considered as one of the bottlenecks of redox-responsive triggered-release of nanoscale drug delivery systems for efficient intracellular delivery of therapeutic payloads. These factors merit further investigation in other therapeutic settings in order to ultimately translate these strategies into clinical practice. 
